Modeling the response of nonlinear viscoelastic biodegradable polymeric stents  by Muliana, Anastasia & Rajagopal, K.R.
International Journal of Solids and Structures 49 (2012) 989–1000Contents lists available at SciVerse ScienceDirect
International Journal of Solids and Structures
journal homepage: www.elsevier .com/locate / i jsols t rModeling the response of nonlinear viscoelastic biodegradable polymeric stents
Anastasia Muliana ⇑, K.R. Rajagopal
Department of Mechanical Engineering, Texas A&M University, United Statesa r t i c l e i n f o
Article history:
Received 26 August 2011
Received in revised form 27 October 2011
Available online 10 January 2012
Keywords:
Biodegradable polymers
Nonlinear viscoelastic
Finite element
Stent
Degradation0020-7683/$ - see front matter  2012 Elsevier Ltd. A
doi:10.1016/j.ijsolstr.2011.12.007
⇑ Corresponding author.
E-mail address: amuliana@neo.tamu.edu (A. Muliaa b s t r a c t
We analyze the response of nonlinear viscoelastic biodegradable polymers when subject to mechanical
loading coupled with the diffusion of a ﬂuid (water) through the polymers and the degradation that
occurs over a period of time. We consider the quasi-linear viscoelastic (QLV) model introduced by Fung
(1981) that has been found to be reasonably good in modeling tissues undergoing moderate deformations
for modeling the nonlinear viscoelastic response of the biodegradable polymer that is being studied, i.e.,
poly-lactic acid (PLLA). We modify the QLV model to incorporate changes in the material parameters that
are a consequence of the degradation that the polymers undergo. We assume that the rate of degradation
increases with an increase in the magnitude of strains and concentration of water. We also assume that
the degradation softens the polymers and that the rate of stress relaxation (or the rate of creep) of the
polymer increases with degradation. Our primary intention is to examine the effect of viscoelasticity
on the degradation in virtue of the time-dependent response of such bodies, and also due to the effect
of the diffusion of water that leads to degradation. The problem leads to three different time histories
associated with the strong coupling between the mechanical loading, diffusion of a ﬂuid (water), and
the degradation. As the biodegradable stent is placed inside a nonlinear viscoelastic arterial wall, we fur-
ther examine the effect of the coupling between the response of the polymeric stent and arterial wall on
the degradation of the biodegradable polymeric stent.
 2012 Elsevier Ltd. All rights reserved.1. Introduction
Biodegradable polymers such as poly-glycolic acid (PGA) and
poly-lactic acid (PLLA) are becoming the materials of choice in
many biomedical applications such as sutures, stents, and tissue
engineering. While some sutures and stents are intended to be per-
manent, others are to be kept in place temporarily so as to provide
mechanical support for the wounded tissues until they heal. As the
wounded tissues heal, the mechanical loads will be gradually
transferred to the healed tissues and the implants are no longer
needed to bear the load. In such cases, using biodegradable im-
plants helps one to avoid the need for additional surgical interven-
tions to remove the implants at the end of their functional life.
Biodegradable polymers have appealing characteristics that can
be gainfully exploited for drug delivery applications, such as in
drug eluting stents, in order to carry medicine that enhances heal-
ing. Another advantage to using biodegradable polymers is that it
is possible to control the degradation at the appropriate rate by
altering the macromolecular structure of the polymers by adding
catalysts or other additives. The degradation mechanism in these
polymers is primarily due to hydrolysis (Piskin et al., 1994): water
diffuses through the biodegradable implants, breaking the longll rights reserved.
na).polymer chains, which causes reduction in the molecular weight
and eventually leads to erosion (loss of mass) from the solid poly-
mers into water soluble materials. These water soluble materials
can diffuse out of the polymer implants. Degradation occurs when
the rate at which the water diffuses through the polymer is slower
than the rate of conversion of the polymer into water soluble mate-
rials (see Gopferich (1996) and Moore et al. (2010) for details).
PGA and PLLA and their implants show stress-relaxation (and
creep) and undergo large deformation when subjected to mechan-
ical loads, and behave in a nonlinear fashion. Miller and Williams
(1984) performed uniaxial tensile tests on PGA sutures. The su-
tures were loaded under several constant strains: 25% and 50% of
the ultimate static failure strain while immersed in saline liquid
at 37 C. They observed some stress relaxation in the specimens
and they found that the rate of degradation due to hydrolysis
increased with increasing magnitude of strain. Agrawal et al.
(1992) evaluated the mechanical properties of PLLA ﬁlaments
and stents at various draw ratios, 4–8, and temperatures,
0–200 C. They found that the elastic modulus and tensile strength
of the PLLA ﬁlaments increase with increasing draw ratio,1 but the
ultimate elongation decreases with increasing draw ratio. The PLLA
polymers were also shown to be viscoelastic. Grabow et al. (2007)1 This of course presupposes that the PLLA is modeled as a linearized viscoelastic
body.
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and PLLA/PCL/TEC2 stents under a constant pressure of 100 mm Hg
leads to collapse (or buckling) of the stents. Soares (2008) conducted
uniaxial tensile tests on PLLA ﬁbers and he conﬁrmed the nonlinear
viscoelastic characteristics of the PLLA ﬁbers.
For sutures and stents that provide mechanical support for the
wounded tissues, the implants should possess appropriate
mechanical properties, i.e., strength, stiffness, and ductility (exten-
sibility). An ideal implant would have the physical and mechanical
properties close to those of the tissues. Grabow et al. (2005) and
Moore et al. (2010) have discussed the challenging design process
one faces in the development of biodegradable stents which is dri-
ven by the complexity of the viscoelastic material behavior, geom-
etry of the stent, time-dependent loading, and the coupling
between the response of the biodegradable stent and the arterial
wall. Current designs of biodegradable polymeric stents are carried
out by considering the elastic and/or inelastic behavior of the poly-
mer, neglecting any changes in the properties of the stent with
degradation (Moore et al., 2010). Recent development of constitu-
tive models of biodegradable polymers takes into account the non-
linear elastic response which allows for strain assisted
degradation, i.e., the rate of degradation depends on the deforma-
tion gradient (Soares, 2008; Soares et al., 2010a,b; Moore et al.,
2010), focusing on PLLA polymers and stents. The deformation of
the PLLA polymer is described by a neo-Hookean model and it is
assumed to be incompressible and isotropic.
Constitutive models for viscoelastic polymers have been devel-
oped to incorporate the response of the body to external stimuli
such as temperature and deformation, by deﬁning material func-
tions that depend on such physical entities. Another important as-
pect concerns the changes in the properties of polymers due to
their microstructural changes, i.e., scission due to mechanical,
thermal and other stimuli, which is essential in determining
long-term stability and the time-dependent performance of poly-
mers. Only limited studies on elastomers include the effect of
microstructural changes in the polymer’s macromolecules, cross-
links, and entanglements, e.g. (Huntley et al., 1996; Rajagopal
and Wineman, 1996; Wineman and Min, 2002; Shaw et al.,
2005). In biodegradable polymers, in which the degradation is re-
lated to scission, it is then important to incorporate the effect of
microstructural changes in the polymers during the degradation
process for predicting the response. Based on a phenomenological
approach Muliana et al. (2009) and Muliana and Rajagopal (2011)
have considered changes in the properties of materials due to the
diffusion of a ﬂuid in analyzing the deformation of linearized elas-
tic and viscoelastic bodies. They assumed that the properties of
materials at a particular location depend on the concentration of
ﬂuid at that location, that the values of the elastic moduli decrease
with increasing ﬂuid content, and that the materials undergo faster
stress relaxation with increasing ﬂuid content. While the
mechanical properties of the materials are assumed to depend on
the ﬂuid concentration, the diffusion process is assumed to be
independent of the deformation of the materials and governed by
Fick’s law, thus it cannot take into account swelling in the solid
body due to the diffusion of a ﬂuid. It is noted that the diffusivity
of polymers can also depend on the temperature, moisture content,
strain, and stress and in most cases the diffusion process does not
follow Fick’s law (see Wright, 1981; Weitsman, 1987; La Saponara,
2011).
Given the fact that the degradation occurs when the macromo-
lecular chains of the polymers break (scission occurs) due to the
process of hydrolysis and when the polymers are being strained,
the degradation takes place at a faster rate, accelerating the degra-2 This is a PLLA with a triethylcitrate (TEC) plasticizer.dation process; to the best knowledge of the authors, modeling the
response of biodegradable polymers that takes into account the
nonlinear viscoelasticity of the polymers, diffusion of water
through the polymers, and strain/stress assisted degradation, is
currently unavailable in the literature. In the present study, we
analyze the response of nonlinear viscoelastic biodegradable poly-
mers subject to coupled mechanical loading and diffusion of a ﬂuid
(water) through the polymers. We use the quasi-linear viscoelastic
(QLV) model introduced by Fung (1981) that has been found to be
reasonably good in modeling tissues undergoing moderate defor-
mations. The non-degraded polymers are assumed to be isotropic
and homogeneous, the material moduli changing with the extent
of degradation that the body has suffered. We assume that the
material moduli decrease with degradation, i.e. degradation soft-
ens the polymers, and the rate of relaxation (or the rate of creep)
of the polymer increases with degradation. We adopt the strain-
dependent rate of degradation model of Soares (2008) and Soares
et al. (2010a,b) and modify it to include the effect of water concen-
tration on the degradation. The diffusion of water is assumed to be
governed by a generalization of Fick’s law. We also formulate a
numerical algorithm for the nonlinear QLV model undergoing deg-
radation and integrate it with a ﬁnite element (FE) formulation in
order to solve the time-dependent boundary value problem (BVP),
coupling the response of the biodegradable polymeric stent and
the arterial wall. We corroborate the non-degraded QLV model
with experimental data on PLLA ﬁbers reported by Soares (2008)
and human arteries obtained from Mohan and Melvin (1982).
This manuscript is organized as follows. Section 2 presents the
QLV model, which is used for describing the deformation of the
viscoelastic biodegradable polymer and the arterial wall, followed
by material characterization and parametric studies in Section 3.
Section 4 deals with the analysis of the response of a viscoelastic
cylindrical stent of ﬁnite length, due to degradation. We also
consider the stent placed inside a viscoelastic arterial wall and
examine the coupling in the response of the biodegradable stent
and the arterial wall. Section 5 is dedicated to conclusions.2. Nonlinear viscoelastic model for thebiodegradable polymeric
solid and arterial wall
2.1. Constitutive model
In this study, we adopt the QLV constitutive model (Fung, 1981)
for predicting the time-dependent mechanical response of poly-
meric stents, which are comprised of PLLA, and also for the arterial
wall. The QLV model was primarily derived for modeling biological
tissues, which in a one-dimensional (1D) representation and in
absence of degradation is written as:
PðtÞ ¼
Z t
0
Eðt  sÞdF
de
de
ds
ds ð2:1Þ
where E is the relaxation modulus, F is the strain measure, and P is
the Piola stress, which is deﬁned as force divided by the unde-
formed cross-sectional area. The extensional strain is deﬁned as
eðtÞ ¼ LðtÞLð0Þ  1; where LðtÞ is the length at current time t. In this
study, the following form of the strain measure is used (see Fung
(1981) and Rajagopal et al. (2007) for a detailed discussion):
FðeðtÞÞ ¼ A eBeðtÞ  1  ð2:2Þ
where A and B are the material constants which can be calibrated by
ﬁtting experimental data. Furthermore, based on experimental
observations concerning many biological tissues, the response un-
der a quasi-static loading is quite insensitive to the rate of loading;
thus it is possible to separate the time-dependent function from the
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relaxation:
Pðe; tÞ ¼ KðtÞPelðeÞ ð2:3Þ
where KðtÞ ¼ EðtÞEð0Þ is the normalized time-dependent function in
which K(0) = 1.0 and Pel(e) is the nonlinear elastic stress response.
Using Eqs. (2.2) and (2.3), the QLV model in Eq. (2.1) can be rewrit-
ten as:
PðtÞ ¼
Z t
0
Kðt  sÞ dP
el
de
deðsÞ
ds
ds ð2:4Þ
where dP
el
de ¼ Eð0ÞABeBe ¼ EoeBe. It is seen that for the uniaxial case,
there are two material parameters, i.e., Eo and B, related to the
instantaneous elastic response that can be characterized from
experiments in addition to the time-dependent function K(t) (see
Section 3 for the characterization of material parameters and the
corroboration of the QLV model). It is also seen that the parameter
Eo corresponds to the elastic (Young’s) modulus in a linearized elas-
tic response.
For modeling the response of biodegradable polymeric stents
the material parameters at each material point x and at time t vary
with the degree of degradation d(x, t). The degree of degradation,
which will be referred to as degradation throughout the entire
manuscript, is a scalar quantity which has a value between zero
and one. The zero value represents an undamaged (non-degraded)
material, while a completely degraded material is described by the
value of degradation equal to one. We adopt the deformation-
dependent rate of degradation model of Soares (2008) and Soares
et al. (2010a,b) for nonlinear elastic biodegradable polymers and
modify it to incorporate the degradation due to the concentration
of water. We assume that the rate of degradation increases with an
increase in the magnitude of strains and concentration of water,
expressed as:
@d
@t
¼ 1
sD
ð1 dÞf ðeÞgðcÞ ð2:5Þ
where sD is the characteristic of degradation time, c(x, t) is the con-
centration of water, and the strain and concentration dependent
functions that inﬂuence the degradation are assumed as: f(e) = J2
and g(c) = ebc; J2 is the second invariant of the deviatoric strain
and b is a material constant.3 The characteristic degradation time
determines how fast (or slow) the degradation takes place when
the strain and concentration are ﬁxed. We have taken a simple mul-
tiplicative factorization of the manner in which the degradation var-
ies with time and we ensure that the time rate of degradation ceases
when the degradation parameter reaches unity.
The equation that governs the diffusion of water through the
polymeric stent is assumed to follow Fick’s law: @c
@t ¼
divðDgradðcÞÞ, where the components of the diffusivity tensor
Dij(d(x, t)) = Dij(x, t) can depend on the degradation. In this study
the undamaged polymer is assumed to be isotropic and homoge-
neous, leading to a scalar diffusivity D(x, t). We took the simplest
mathematical model to describe diffusion, i.e., Ficks’ law, in order
to reduce complexity of the problem and the number of material
parameters. It is possible that the diffusion process may be non-
Fickian and it might be necessary to consider other terms affecting
the diffusion process such as the chemical reaction, the internal
production of new agents from the hydrolysis process, the con-
sumption of water molecules, etc. For example the diffusion–reac-
tion process can be considered by incorporating the effect of
chemical reaction during the hydrolysis process on the diffusion
of water through the degrading polymer (see Rothstein et al.,3 We could also have constants multiplying J2 and ebc. However, these constants
can be absorbed into the time constant sD.2009). Depending on the geometry of the stent and boundary con-
ditions, it is possible that the saturation condition due to the diffu-
sion process occurs much faster than the degradation in the
polymeric stents. In such case, we can neglect the diffusion equa-
tion and take the value of c(x, t) to be equal to one during the entire
analysis.
The QLV constitutive model for a degrading viscoelastic poly-
mer is:
Pðd; tÞ ¼
Z t
0
Eðd;ut usÞdF
de
de
ds
ds ð2:6Þ
where E(d, t) is the extensional relaxation modulus of the damaged
(degrading) polymer. The reduced time is given by uðd; tÞ ¼R t
0
ds
aðdðx;sÞÞ where a(d(x, t)) is the time shift factor. Available experi-
mental studies suggest that the molecular weight, ultimate
strength, elastic modulus, and physical properties of PLLA decrease
with degradation (Miller and Williams, 1984; Grabow et al., 2005;
Soares, 2008; Moore et al., 2010). This indicates that the instanta-
neous modulus should decrease with degradation. Degradation in
biodegradable polymers is due to hydrolysis, breaking the long
polymer chains and eventually leading to erosion from the solid
polymers into water soluble materials. Given the fact that water
ﬂows easier than the solid polymer does, an increase in water con-
tent during the diffusion could reduce the overall viscosity of the
degrading polymers, which consist of a mixture of water and poly-
mers. Decreases in the viscosity of the mixture reduce the charac-
teristics of the relaxation time and thus the mixture relaxes faster
with increase in water content (or degradation). In this study, we
are not dealing with a mixture theory in modeling the degrading
polymers; however we incorporate its effects with regards to the
mechanical response of the degrading polymers through changes
in the properties of materials, i.e., extensional modulus and charac-
teristics of relaxation time. We assume that the material moduli
decrease with degradation and the rate of relaxation (or the rate
of creep) of the polymer increases with degradation. The degrada-
tion-dependent extensional relaxation modulus and shift factor are:
Eðd; tÞ ¼ E1ð1 kidÞ þ
XN
n¼1
Enð1 kndÞe
t
sRn ð2:7Þ
aðd; tÞ ¼ aoð1 kadÞ ð2:8Þ
where sRn is the characteristics of relaxation time and ki, kn, ka are
the positive coefﬁcients that describe a linear variation of the mate-
rial properties with degradation and their values are between zero
and one. It is also possible to pick different nonlinear variations for
the degradation dependent material parameters. Since the degrada-
tion is spatially dependent and alters the properties of the polymer,
the polymer that is initially isotropic and homogenous with regard
to its mechanical and transport properties in its undamaged state
may become anisotropic and heterogeneous due to a non-uniform
degradation within the polymer. While the heterogeneity due to
the degradation is directly incorporated through the spatial varia-
tion of material parameters, the same cannot be done for the anisot-
ropy due to degradation.
Now, we consider a generalization of the 1D QLV model of Fung
(1981) to a three-dimensional (3D) QLV model:
rijðd; tÞ ¼
Z t
0
2Gðd;ut usÞdFij
ds
dsþ dij
Z t
0
kðd;ut usÞdFkk
ds
ds
ð2:9Þ
where dij is the Kronecker delta and the material parameter k, which
is one of the two Lame’s constants, is deﬁned as KB  (2/3)G. The
material parameters G and KB are the shear modulus and bulk mod-
ulus, respectively, and they depend on time and degradation. We
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model is constant, mo, which leads to:
Gðd; tÞ ¼ Eðd; tÞ
2ð1þ moÞ ; KBðd; tÞ ¼
Eðd; tÞ
3ð1 2moÞ ð2:10Þ
The strain measure in a generalized 3D QLV model is deﬁned as:
F eðtÞð Þ ¼ A eBeðtÞ  1 ; eðtÞ ¼ ﬃﬃﬃﬃﬃﬃﬃﬃﬃeijeijp
dFij
ds
¼ ABeBeðtÞ deij
ds
;
dFkk
ds
¼ ABeBeðtÞ dekk
ds
ð2:11Þ
If we follow the stress response in Eq. (2.4), the 3D QLV model
becomes4:
rijðd; tÞ ¼ 2C1
Z t
0
Kðd;ut usÞdP
el
de
deij
ds
dsþ dijC2

Z t
0
Kðd;ut usÞdP
el
de
dekk
ds
ds ð2:12Þ
where C1 ¼ 12ð1þmoÞ ; C2 ¼ 13ð12moÞ  13ð1þmoÞ ; dP
el
de ¼ EoeBe. We choose the
following form for the normalized time-dependent function, in
the absence of degradation:
KðtÞ ¼ K1 þ
XN
n¼1
Kne
 tsRn ; Kð0Þ ¼ K1 þ
XN
n¼1
Kn ¼ 1:0 ð2:13Þ
The following constraint 0 < Kn < 1 should be imposed on Kn. The
number of terms of the series (N) depends on the period of the
stress relaxation (or creep deformation) tests. Long-term data will
generally require more terms unless they reach the steady (relaxed)
stage early. The parameters Kn are calibrated by matching the
transient relaxation response and ﬁnally the parameter K1 ¼
1:0PNn¼1Kn is calculated. While in general it is possible to have
different variations of the time-dependent components with degra-
dation (see Eq. (2.7)), we can also assume that all the time-depen-
dent components vary with the degradation in the same manner,
i.e., ki = kn, allowing one to incorporate the effect of degradation
through the material parameters Eo(d) and B(d). Using the time-
dependent function in Eq. (2.13), the QLV model becomes:
rijðd; tÞ ¼ 2C1
Z t
0
Kðut usÞEoðdÞeBe deijds dsþ dijC2
Z t
0
Kðut
usÞEoðdÞeBe dekkds ds ð2:14Þ2.2. Numerical algorithm
We present a numerical algorithm to solve the 3D QLV model
(Eq. (2.14)) which is made compatible with a displacement based
FE code. While the mechanical properties of the materials are as-
sumed to change with the degradation that depends on strain
and concentration of water, the diffusion process is assumed to
be independent of the deformation and degradation of the materi-
als and governed by Fick’s law. This allows us to ﬁrst solve the
equation that governs the diffusion of water in order to obtain
the concentration ﬁeld, followed by the determination of the deg-
radation dependent deformation in the viscoelastic polymeric
stent. The numerical algorithm is implemented at each Gaussian
(material) point within elements in the FE analyses. The rate of
degradation at a ﬁxed time t is approximated as:
@d
@t
ðtÞ  dðtÞ  dðt  DtÞ
Dt
¼ d
t  dtDt
Dt
ð2:15Þ4 This generalization of a 3D QLV model directly from the 1D model in Eq. (2.4)
reduces to linearized viscoelasticity when the parameter B is zero.We use a superscript to denote the time at which the variable is
being evaluated. The degradation due to deformation and concen-
tration of water at current time t, using backward difference, is:
dt  dtDt þ Dt
sD
ð1 dtÞf et gðctÞ ð2:16Þ
The time-dependent stress in Eq. (2.14) is approximated as:
rtij ¼ 2C1K1
Z t
0
EoðdÞeBe deijds ds|ﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ{zﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ}
Ptij
þ 2C1
XN
n¼1
Kn
Z t
0
eðu
tusÞ=sRnEoðdÞeBe deijds ds|ﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ{zﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ}
qt
ijðnÞ
þ dijC2K1
Z t
0
EoðdÞeBe dekkds ds|ﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ{zﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ}
Ptkk
þ dijC2
XN
n¼1
Kn
Z t
0
eðu
tusÞ=sRnEoðdÞeBe dekkds ds|ﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ{zﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄﬄ}
qt
kkðnÞ
ð2:17Þ
with the incremental reduced time given as Dut  ut utDt  Dt
aðdt Þ,
the history variables are given through:
qtijðnÞ ¼ eDu
t=sRn qtDtijðnÞ þ
Dt
2
Kn EoðdÞeBe DeijDt

t
þ eDut=sRn EoðdÞeBe DeijDt

tDt
	 

qtkkðnÞ ¼ eDu
t=sRn qtDtkkðnÞ þ
Dt
2
Kn EoðdÞeBe DekkDt

t
þ eDut=sRn EoðdÞeBe DekkDt

tDt
	 

ð2:18Þ
We solve the time-dependent stress incrementally, i.e.,
rtij ¼ rtDtij þ Drtij. The incremental stress is written as:
Drtij ¼ K1 EoðdÞeBe

t þ EoðdÞeB
e
tDt
 
2C1
Detij
2
þ dijC2 De
t
kk
2
( )
þ 2C1
XN
n¼1
qtDtijðnÞ e
Dut=sRn  1
 
þ 1
2aðdtÞKn EoðdÞe
BeDeij

t
h"
þ eDut=sRnEoðdÞeBeDeij

tDt
ii
þ dijC2
XN
n¼1
qtDtkkðnÞ e
Dut=sRn  1
 
þ 1
2aðdtÞKn EoðdÞe
BeDekk

t
h"
þ eDut=sRnEoðdÞeBeDekk

tDt
ii
ð2:19Þ
It is also necessary to determine the stiffness matrix at each mate-
rial point at each instant of time in order to provide trial strains (or
displacements) for the next time step. Let us deﬁne ht  EoðdÞeBe

t;
the consistent tangent stiffness matrix is
Ctijkl ¼
@Drtij
@Detkl
¼ K1 @h
t
@Detkl
2C1
Detij
2
þ dijC2 De
t
kk
2
( )
þ K1 ht þ htDt
 
C1dikdjl þ C22 dijdkl
 
þ 2C1
XN
n¼1
1
2aðdtÞKn
@ht
@Detkl
Detij þ htdikdjl
 !" #
þ dijC2
XN
n¼1
1
2aðdtÞKn
@ht
@Detkl
Detmm þ htdkl
 !" #
ð2:20Þ3. Time-dependent response of PLLA and arteries
3.1. Material parameter characterization
We ﬁrst determine the material parameters used in the QLV
model (Eqs. (2.4) and (2.12)) for undamaged (non-degraded) PLLA
Fig. 1. Uniaxial tensile stress–strain response of PPLA ﬁbers subject to constant
displacement rates.
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tensile tests, i.e., quasi-static ramp loadings with constant dis-
placement rates and stress relaxation, on a PLLA ﬁber reported in
Soares (2008) are used for calibrating material parameters and ver-
ifying the QLV model. In addition, uniaxial response of human
(male) arterial walls at ages 25 and 87 years old under a quasi-sta-
tic ramp with a constant displacement rate (Mohan and Melvin,
1982) are used to obtain elastic properties for the arterial walls.
Due to limited experimental data that is available for the time-
dependent response of human arteries, the normalized time-
dependent function (Eq. (2.13)) for the arteries is taken from Fung
(1981) and Tanaka and Fung (1974), which is the time-dependent
(relaxation) data for a dog’s aorta.
Fig. 1 illustrates the uniaxial tensile stress–strain response5 of
the PLLA ﬁbers subject at constant strain rates of 5%/min and 10%/
min, showing that the response is quite insensitive to the chosen
strain rates. We use this response (up to 5% strain) to calibrate the
material parameters, i.e., Eo and B, in the instantaneous (elastic) re-
sponse. As the tests were done under displacement control, it is pos-
sible that the corresponding transverse strains due to the Poisson’s
effect inﬂuence the recorded axial stress (or force). We examine
the material parameters determined using the 1D and 3D QLV mod-
els, shown in Table 1. The 3D model was calibrated by assuming the
Poisson’s ratio of the PLLA to be 0.45. Slight changes in the properties
are shown when considering the 1D and 3D conditions. We use the
time-dependent parameters (Table 2) obtained from Soares (2008)
in predicting the stress relaxation response of the PLLA ﬁbers. Soares
(2008) conducted stress-relaxation tests of non-degraded PLLA ﬁbers
at room temperature and moist-free environment under strain levels
of 1%, 1.5%, 2%, 2.5%, and 3%. Three tests using different samples
were repeated. The Prony parameters were calibrated from one sam-
ple at each strain level and the calibrated values with two Prony
terms from these different samples are quite close. The average val-
ues, given in Table 2, were used for the normalized time-dependent
function. Fig. 2 depicts the stress relaxation response at different
stress levels. The average rise time in the relaxation test is 4 s, which
is used in the simulations. Both the 1D and 3D QLV models are capa-
ble of capturing the overall relaxation response of the PLLA ﬁbers.
The time-dependent function is determined from the stress relaxa-
tion response with an assumption that the effect of time during
the ramp period is negligible. The four second rise time leads to
the strain rates of 0.25%/s, 0.5%/s, and 0.75%/s during the ramp per-
iod of the stress relaxation tests at 1%, 2%, and 3% strains, respec-
tively. It is noted that the material parameters in the nonlinear
elastic (instantaneous) response were calibrated from ramp loadings
with strain rates of 5%/min and 10%/min (0.083%/s and 0.167%/s),
which are relatively slow when compared to the strain rates in the
ramp period of the relaxation tests. If the effect of time on the uni-
axial response that was used to calibrate the nonlinear elastic prop-
erties is prominent, this can lead to errors in calibrating the material
properties. We examine the effect of the time-dependent parameters
on the nonlinear response as presented in Fig. 3. A slight deviation
can be observed between the predictions for the time-dependent
and time-independent response (from a 1D model) indicating that
some stress relaxation occurs during this loading. It is noted that
to reach the strain level of 5%, it requires 30 and 60 s for the loadings
with 5%/min and 10%/min, respectively (Figs. 1 and 3). As seen in
Fig. 2 within 60 s the PLLA shows some noticeable relaxation. In
order to minimize this deviation, the material parameters in the
nonlinear elastic (instantaneous) response should be calibrated from5 Viscoelastic materials are best described by providing how stress and strain vary
with time. In general, one cannot deﬁne stress–strain response as the response
depends on the rate at which these quantities vary. If the strain rate is ﬁxed, then we
can state how the stress varies with the strain.loadings with strain rates similar to the rates during the ramp period
of the stress relaxation tests.
We now determine the material parameters used for the arte-
rial wall from data for two different age groups, i.e., 25 and
87 years old. Like in the previous discussion, we examine the mate-
rial parameters determined using the 1D and 3D QLV models, and
this is shown in Table 1 and Fig. 4. The 3D model was calibrated by
assuming the Poisson’s ratio of the arteries to be 0.48. The experi-
mental tests (Mohan and Melvin, 1982) were conducted on human
arteries with constant strain rates: 1–7%/s. Slight changes in the
properties are observed when imposing the 1D and 3D conditions.
The aging arteries (from the average age of 87 years old) show a
signiﬁcantly stiffer and less ductile response compared to the
younger arteries (from the age group of 25 years old). As men-
tioned above, the time-dependent function is obtained from the
relaxation data for a dog’s aorta reported in Fung (1981) and Tana-
ka and Fung (1974), which is given in Table 2. These material prop-
erties will be used for the arterial wall in the analysis of
biodegradable polymeric stents in Section 4.3.2. Parametric studies
We conduct parametric studies to examine the effect of the
strain level, characteristics of degradation time, and concentration
of water on the overall stress relaxation and degradation response
of the PLLA polymer. The degradation rate in Eq. (2.5) is adopted
with the following strain and concentration dependent functions
f(e) = J2 and g(c) = ebc. In order to reduce complexity we assume
that the degradation only inﬂuences the parameter Eo as
Eo(d) = (1  kod)Eo(0), where Eo (0) is the non-degraded (undam-
aged) property. We consider the following material properties:
b = 1.0 and ko = 0.8 in the simulations and we choose two charac-
teristic degradation times, i.e., 20 s and 500 s, corresponding to fast
and slow degradations.
Fig. 5 illustrates stress relaxation response and degradation of
PLLA when the degradation process is relatively fast (sD = 20 s), un-
der both dry and wet conditions. As expected, the PLLA degrades
faster in wet condition and at high strain levels, leading to rela-
tively low values of stresses as the PLLA becomes more compliant.
The quantitative results of this simulation will of course depend on
the chosen material parameters; however, this simulation gives
qualitative information on the degradation response of the PLLA.
Degradation process in biodegradable polymers often occurs in a
relatively slow manner, which can be characterized by using data
Fig. 2. Stress relaxation response of PLLA ﬁbers predicted using 1D and 3D QLV models.
Table 1
Material parameters for instantaneous elastic response.
Materials Eo (MPa) B
PLLA (1D) 826.45 82.64
PLLA (3D, mo = 0.45) 900.00 77.00
Artery (25 years, 1D) 0.0936 5.2
Artery (25 years, 3D, mo = 0.48) 0.080 4.5
Artery (87 years, 1D) 1.2 15.0
Artery (87 years, 3D, mo = 0.48) 1.0 14.0
Table 2
Time-dependent properties of the polymer Stent and the arterial wall.
n PLLAa Artery
sRn (s) Kn sRn (s) Kn
1 11.852 0.17659 5.0 0.15
2 198.56 0.13882 20.0 0.055
3 – – 200.0 0.055
a The values are obtained from Soares (2008).
Fig. 3. The effect of time-dependent parameters on the uniaxial stress–strain
response at a ﬁxed strain rate.
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the PLLA by altering the chemistry of the PLLA. Since we are deal-
ing with a phenomenological model, changes in the response of a
material due to its microstructural changes will be incorporated
through the material parameters. In this study, the rate of the deg-
radation in the PLLA is attributed to the characteristics of the deg-
radation time, sD. We present a numerical simulation of the
response of PLLA under cyclic loading when the degradation pro-
cess occurs in a relatively slow manner, i.e., sD = 500 s, shown in
Fig. 6. Each cycle consists of 4 s ramping to a speciﬁc strain level,600 s holding period, removal of the strain in 4 s, and holding the
zero strain for another 600 s. Higher strain accelerates the degrada-
tion in the PLLA; as a result the stress at 5% strain relaxes much fas-
ter than the one at 1% strain. As the number of cycles increase
sufﬁciently the stress response from the 5% strain will be eventu-
ally lower than the one from the 1% strain.
4. Degradation of a viscoelastic polymeric stent
We now present a qualitative study that examines the coupling
between the response of the viscoelastic polymeric stent and
Fig. 5. Stress relaxation and degradation of PLLA under dry and wet conditions (sD = 20 s).
Fig. 4. Uniaxial tensile stress–strain response of human arteries under constant
strain rates.
Fig. 6. Stress relaxation and degradation behavior of PLLA under cyclic loading
(sD = 500 s).
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polymeric stent. Consider a stent of a concentric ﬁnite cylinder
through which water (or a biochemical agent) is diffusing from
the inner surface of the cylinder. The stent has inner and outer radii
of ri and ro, respectively, and is of a length Lo. The stent is assumed
to be initially isotropic and homogeneous with respect to its
mechanical and transport properties. The stent is placed inside a
soft viscoelastic cylindrical wall, referred to as an arterial wall.
We analyze the effect of coupling between the different viscoelas-
tic behavior of the polymeric stent and arterial wall with regard to
the degradation response of the biodegradable polymeric stent. We
use the FE method to obtain solutions to the equations governing
the coupled diffusion of water, degradation due to strain and water
concentration, and deformation in the stent. A user subroutine
UMAT of ABAQUS FE is used to incorporate the 3D QLV model
(Eq. (2.14)) for both the PLLA stent and the arterial wall. The gov-
erning equation for the diffusion of water through the polymeric
stent is ﬁrst solved and the water concentration proﬁles at eachFig. 7. Concentration proﬁle during a diffusion process along the radial direction.
Fig. 8. Degradation and hoop stress at the mid-section of the stent (z = 0).
Fig. 9. Degradation and hoop stress at the edge of the stent (z = 10 mm).instant of time are used as input variables together with boundary
conditions related to mechanical loading in order to determine the
deformation of the degrading polymeric stent. The FE mesh of the
stent and arterial wall is generated using the nonlinear three-
dimensional continuum element (C3D20) and a convergence study
is ﬁrst performed in order to determine the number of elements re-
quired in the analyses.
A typical stent has a nominal diameter larger than the average
diameter of an arterial wall, which requires shrinking/compressing
the stent in order to place it inside the artery. This leads to a pre-
stressed condition in the stent once it is placed inside the artery. In
the analysis, we incorporate the pre-stress effect in the stent by
prescribing a non-zero stress state as an initial condition in the
stent. The values of the non-zero stresses are obtained by prescrib-
ing a radial pressure of 1 MPa to the outer surface of the stent,
which has an original outer diameter slightly higher than the inner
diameter of the arterial wall. In this study, the pre-stresses are lim-
ited within the stress and strain limits of the PLLA polymer shown
in Fig. 1. The pre-stressed stent is then in contact with the inner
surface of the arterial wall. During the entire deformation analyses
on the biodegradable viscoelastic polymeric stent, the pre-stresses
in the stent will of course affect the time-dependent deformation
and degradation. The stent and arterial wall system are then sub-
jected to inner and outer pressures and a ﬁxed concentration of
water at the inner surface of the cylinder:
piðtÞ ¼ 0:5 MPa;
poðtÞ ¼ 0:1 MPa ð 1 atmÞ
Co ¼ 1:0
ð4:1Þ
The mechanical properties of the PLLA polymeric stent are given in
Tables 1 and 2 and the following geometrical parameters and mate-
rial parameters related to the degradation and diffusion6 are
considered:6 The diffusivity is close to that of the PLLA at 37 C (Yoon et al. (2000)).
Fig. 10. Degradation proﬁles of the viscoelastic biodegradable stent.
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Fig. 12. Degradation and hoop stress at the mid-section of the stent (z = 0.0) during
cyclic loading.
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Do ¼ 1:0 106 mm2=s
sD ¼ 2000:0 s; b ¼ 1:0; k0 ¼ 0:5
ð4:2Þ
Fig. 7 illustrates the water concentration proﬁle along the radial
direction at different times. Due to constant diffusivity the concen-
tration proﬁle remains unchanged during the deformation of the
stent. In order to examine the effect of the deformation of the arte-
rial wall on the degradation in the polymeric stent, we also analyze
the response of a cylindrical stent subject to inner and outer pres-
sures and diffusion of water without having it in contact with the
arterial wall, which is referred to as Model 1. The polymeric stent
that is placed inside an arterial wall is referred to as Model 2. The
mechanical properties of the arterial wall are given in Tables 1 and
2 (we use the properties from the samples of 87 year olds) and the
geometrical parameters of the undeformed wall are:
rwi ¼ 5 mm; rwo ¼ 6 mm; Lwo ¼ 40 mm ð4:3Þ
A continuity condition for the radial displacement is imposed at the
interface between the stent and wall by not allowing the stent and
wall to penetrate into each other. The stent and wall are allowed to
slide against each other in the longitudinal and circumferential
directions with an assumption of a smooth contact at the interface.
Due to a symmetry condition with respect to the transverse plane,
only half of the length is modeled. A symmetric boundary condition
is prescribed on the surface located at z = 0.0.
Fig. 8 illustrates the time-dependent degradation and hoop
stress response at the inner and outer surfaces and at the
mid-section of the stent (z = 0.0). The inﬂuence of the deformation
of the arterial wall at this location is insigniﬁcant with regard to
the degradation of the polymeric stent. This is due to a very soft
(compliant) arterial wall resulting in negligible additional stress
history caused by the deformation of the viscoelastic wall. How-
ever, the effect of the soft arterial wall on the degradation of the
polymeric stent at the edge of the stent (z = 10 mm) becomes more
important as depicted in Fig. 9. The inner surface experiences faster
degradation due to the higher concentration of water at that loca-
tion. The degradation and hoop-stress ﬁelds at three different
times are shown in Figs. 10 and 11, respectively. When in contact
with an arterial wall, the edge of the stent experiences higher hoop
stresses which is perhaps due to the stress concentration (or stress
discontinuity) effect. The existence of the arterial wall, although it
is compliant, limits the deformation of the stent resulting in smal-
ler degradation in the Model 2 as compared to the Model 1. It is
noted that in this study the degradation is strain-assisted.
The stent is now subjected to an internal pressure of
pi(t) = 0.25 + 0.25sin 2pt MPa7 and an external pressure of
po(t) = 0.05 + 0.05sin2ptMPa is applied at the outer surface of the
arterial wall. We incorporate the pre-stressed effect in the stent
by prescribing a non-zero stress state as discussed above. Figs. 12
and 13 depict the time-dependent degradation and hoop stress of
the biodegradable viscoelastic polymeric stents at the mid-section
(z = 0.0) and at the edge (z = 10 mm) of the stent, respectively. The
results are collected from the inner surface of the stent. In order
to accelerate the degradation process we pick sD = 20 s. It is seen
that the degradation response obtained for the Model 18 is relatively
close to the one for the Model 2 for a loading duration of up to 70 s;7 We pick a frequency of 1 Hz which corresponds to the approximate frequency of
pulse pressure. Both diffusion and degradation processes in PLLA occur very slowly
and thus the inertial effect corresponding to the deformation due to the diffusion and
degradation is insigniﬁcant. The above cyclic pressure is comparable to an average
constant stress input of 2 MPa/s (or could be roughly approximated to a strain rate of
0.002/s for polymer with an elastic modulus 1000 MPa). Under such low loading rates
deformations of most polymers are considered to be quasi-static.
8 The external pressure is applied directly at the outer surface of the cylindrical
stent.however, the magnitude of the hoop stress in the two models vary
quite signiﬁcantly especially at the edge of the stent. Although there
are variations in the hoop strains in the two models, the magnitudes
of the hoop strains at the mid-section and at the edge of the stent
are ﬂuctuating around 1% strain. It is noted that the degradation re-
sponse is not a smooth monotonic curve, but it is a staggered curve.
Examples of the degradation ﬁeld and deformed shape during the
cyclic loading of Model 1 and Model 2 are illustrated in Fig. 14. At
some instant of loading, i.e., when the inner pressure in the stent
is very small or zero, the deformation of the arterial wall, which is
due to the delayed response due to the effect of viscoelasticity, im-
poses an external pressure, which is non-uniform, on the outer sur-
face of the stent. This pressure together with the pre-stress effect in
the stent could push a part of the stent away from the arterial wall,
causing some kind of delamination (Fig. 14c). As the stent non-uni-
formly degrades, it becomes softer and the gap between the stent
and the wall also increases. Further increase in the inner pressure
Fig. 13. Degradation and hoop stress at the edge of the stent (z = 10 mm) during
cyclic loading.
Fig. 14. Examples of degradation proﬁles of the visco
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contact.5. Conclusions
We have presented a modiﬁed QLV model for predicting the re-
sponse of biodegradable polymers, subject to mechanical loading
and diffusion of a ﬂuid, which are suitable for applications to bio-
degradable stents. The non-degraded polymers are assumed to be
isotropic and homogeneous and we assume that the degradation
softens the polymers and the rate of relaxation (or the rate of
creep) of the polymer increases with degradation. As the degrada-
tion is spatially dependent and alters the properties of the polymer,
the polymer may become anisotropic and heterogeneous due to a
non-uniform degradation within the polymer, affecting the overall
performance of the stent. The QLV model is shown to be capable of
predicting the response of the PLLA polymer and the arterial wall
under quasi-static loading with constant strain rates and also
stress relaxation response at various strain levels. High strain lev-
els accelerate the stress relaxation since the rate of degradation is
assumed to increase with strain and degradation softens the
polymers.
We further studied the effect of the deformation of the arterial
wall, which is assumed to be a nonlinear viscoelastic body, on the
degradation of the viscoelastic polymeric stent. For this purpose,
we use FE to solve a BVP of a cylindrical annulus of a biodegradable
viscoelastic polymeric solid of ﬁnite length (a biodegradable stent),
in contact with another cylindrical annulus (the arterial wall) of a
viscoelastic solid subject to inner and outer pressures. We found
that coupling between the viscoelastic arterial wall and the stent
is signiﬁcant: the edge of the stent experiences higher hoop stres-
ses which is perhaps due to the stress concentration (or stress dis-
continuity) effect; the existence of the arterial wall limits the
deformation of the stent; and the delayed response of the visco-
elastic arterial wall could impose a non-uniform external pressure
on the outer surface of the stent, which together with the pre-
stress effect in the stent could separate the degrading stent away
from the arterial wall.Acknowledgement
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